Purpose: To introduce newly developed MR elastography (MRE)-based dualsaturation imaging and dual-sensitivity motion encoding schemes to directly measure in vivo skull-brain motion, and to study the skull-brain coupling in volunteers with these approaches.
impact applied to the head exceeds the protection limits provided by the skull-brain system. Therefore, when attempting to understand how the skull-brain interface provides mechanical isolation of the brain and to predict the consequences of injuries to the head, interactions of the skull-brain interface need to be appropriately studied.
Recent animal experiments and simulations studies have shown that the substructures between the skull and brain interface contribute substantially to dampen pressure, transfer and bear load, and alter the distribution of the stress and/or strain on the cortical surface of the brain during the impact, thereby playing a critical role in isolating and protecting the brain from traumatic force. [6] [7] [8] [9] [10] [11] [12] However, knowledge of the skull-brain interface coupling has remained rather limited in vivo. This is because it is difficult to directly and independently measure skull and brain motion using the standard in vivo imaging methods. In addition, the skull-brain mechanical responses from ex vivo tissue samples or in situ cadaver experiments differ significantly from those in vivo because of changes in the subarachnoid space. Therefore, developing the ability to characterize the in vivo, intact skull-brain coupling during an applied motion is critical to understand how the skull-brain interface protects the brain from the impact injuries and how this protective function might be damaged with repetitive TBI. By assessing the status of the skull-brain coupling system, it may be possible to identify individuals who are at greater risk of future injury. Moreover, studying the relative skull and brain motion may provide the basis for reliable simulation parameters when developing TBI models. Magnetic resonance elastography (MRE) as a noninvasive, dynamic imaging technique that characterizes the viscoelastic properties of tissue. 13 MRE has emerged as a valuable tool to study focal and diffuse brain diseases as well as changes in normal aging by characterizing the mechanical properties of brain tissue. [14] [15] [16] [17] [18] [19] [20] [21] [22] Motion information obtained with MRE can be adapted to slip interface imaging (SII) to assess the degree of adhesiveness between 2 adjacent tissue layers. 23 In MRE, dynamic mechanical vibrations (approximately tens of microns) are transmitted to the brain by vibrating the head, and then phase contrast sequences using motion encoding gradients (MEGs) synchronized to the applied vibrations are performed. The transmission of motion from the MRE driver through the skull into the brain tissue is affected by the skull-brain interactions. It is therefore reasonable to assume that characterization of the skull motion independent of the brain motion using MRE can provide an understanding of the skull-brain coupling resulting from the substructures between the skull and brain interface. Recent studies have used MRE combined with accelerometers or pressure sensors to investigate the motion transmission and attenuation through the skull to the brain. [24] [25] [26] These studies provide indirect insight into in vivo brain motion relative to the skull. Although the brain motion was directly measured by MRE, the skull motion in these studies was indirectly assessed, either by accelerometers coupled to the jaw or pressure sensors placed near the acoustic actuator, both of which may be prone to measurement errors because of coupling issues. Two main challenges exist for the measurement of skull displacement using MRE. First, there is no skull signal present in images acquired with the standard spin echo (SE) EPIbased MRE pulse sequence. Anatomically, the skull includes an outer cortex, the medullary space, and the inner cortex. Cortical bone has an ultrashort T 2 and produces no discernible signal when imaged with standard TE (e.g., $50 ms in EPI-MRE). The signal from the medullary cavity filled with fatty marrow is suppressed because the EPI sequence typically uses fat-suppression to avoid chemical shift-based ghost artifacts along the phase encoding direction. Given that cortical bone imaging using ultrashort TE is technically challenging for MRE acquisitions because of the presence of MEGs, a potential strategy for detecting signal from the skull is to detect the fat signal from the fatty marrow contained within the medullary cavity. Toward this goal, we developed a dualsaturation imaging scheme to perform 2 separate scans-1 with fat-suppression and the other with water-suppression. The first scan is used in the conventional manner to characterize mechanically induced motion in brain tissue. The second scan is used to separately estimate the skull motion. Following reconstruction, these 2 distinct data sets can be studied together to reveal the interactions between the skull and brain motion.
Second, during a brain MRE acquisition, the mechanical driver is in direct contact with the head and the rigid skull experiences displacements that are considerably larger than the shear motion of brain tissue. As the motion encoding threshold of the MRE pulse sequence is set according to the expected lower shear motion of brain tissue to provide sufficient sensitivity, the motion-induced phase of the skull signal resulting from larger rigid-body displacement typically exhibits substantial wrapping in both space and time (i.e., between MRE phase offsets). A wide range of phase unwrapping algorithms have been investigated to unwrap either individual MRE wave images or the entire phase image series simultaneously. [27] [28] [29] Classical unwrapping algorithms typically work well in the spatial domain, but unwrapping in time is quite challenging because of the very sparse sampling of 4 or 8 points per period in MRE, especially with heavily wrapped phase across different time points. Although unwrapping failure in the skull may not affect studies focused exclusively on brain stiffness estimation, it is unacceptable for our target application. Therefore, a methodology for generating wrap-free phase-based estimates of skull motion simultaneously with brain motion characterization is needed. Toward this goal, we developed a dual-sensitivity motion encoding scheme that simultaneously acquires phase
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images using both low-and high-motion encoding during a single MRE exam. The low-sensitivity phase image is both temporally and spatially wrap-free and therefore can be used to guide unwrapping of the high-sensitivity phase image to estimate the full skull and brain motion. Therefore, the 3 main objectives of our study were to (1) demonstrate a new dual-saturation imaging strategy to acquire full 3D displacement of the combined skull and brain MRE images; (2) demonstrate a novel, dual-sensitivity motion encoding scheme that facilitates robust estimation of motion-induced phase in highly challenging locations such as the skull; and (3) use these new approaches to study the skull-brain coupling in healthy volunteers.
| M ETH ODS

| Subjects
| Phantom
A polyvinyl chloride (PVC) (LureCraft, Orland, IN) cylindrical phantom (diameter: 12.25 cm, height: 12.5 cm) was used in this study to test the phase estimation performance of the dual-sensitivity motion encoding scheme.
| Volunteers
With institutional review board approval, 6 healthy volunteers (3 M/3 F, age: 35.2 6 6.6 y) with no history of brain trauma were enrolled, and written informed consent was received from each subject.
| Dual-sensitivity motion encoding scheme
In a standard steady-state MRE acquisition, the motion is encoded into the MRI phase signal by MEGs. Typically 2 sets of MEGs with the same amplitude but opposite polarity are used to acquire positive and negative phase images u 6 , and phase difference images are calculated to remove any unwanted background phase and double the motion SNR, 13 which could lead to significant temporal and spatial phase wrapping. A separate MRE scan can be performed using a low MEG amplitude to achieve wrap-free phase that can be used to check the phase unwrapping, 25 however, this doubles the scan time. Here, we propose a dual-sensitivity motion encoding scheme (as seen in Figure 1) , in which the amplitudes of the positive and negative MEGs are slightly different. In this study, the amplitude of negative MEGs is set to be smaller than that of positive MEGs; however, the reverse setup is equally viable. As a result, the high-sensitivity phase images, U, can be generated in the standard manner by subtraction of the signals from the positive and negative MEGs, whereas the low-sensitivity phase data, u, which will typically not exhibit any phase wrap both spatially and temporally, is calculated by adding these signals. With this strategy, both low and high motion encoding sensitivity data can be acquired simultaneously during a single exam. Because the ratio of the 2 sensitivities is known, the low-sensitivity data u can be used to estimate and guide the unwrapping of high-sensitivity data U. The phase estimation was performed on the first temporal harmonic of the phase offsets and then projected to each phase offset for unwrapping.
In detail, in a steady-state MRE experiment with monodirectional encoding, the relation between the first harmonic component of the displacement d and the first harmonic of the time-domain phase signal h 6 can be described as
where M is a 3 3 3 encoding matrix, and 6 denotes the polarity of MEGs. The quantities in bold represent the complex first harmonic. Taking all imaging gradients into account, the effective positive and negative encoding matrices can be written as 
where M is the motion sensitivity of MEGs; m x ; m y ; and m z are the motion sensitivities of x-, y-, and z-imaging gradients, respectively; k 1 ; k 2 ; and k 3 2 ð0; 1 are the scale factors of the negative MEGs relative to the positive MEGs. The high-sensitivity harmonic, U, which will typically exhibit substantial wrapping, is calculated by subtraction of the signals from the positive and negative MEGs.
Note that ðM 1 2M 2 Þ is a diagonal matrix with m x ; m y ; and m z cancelled out.
The low-sensitivity harmonic, u, which will typically not exhibit any spatial and temporal phase wrap, is calculated by summation of the harmonic signals as
The unwanted background phase cannot be totally removed after phase summation, but it is constant over time, so it can be filtered out by taking the first temporal harmonic of the wrap-free low-sensitivity data. Because U and u both linearly encode the harmonic motion d, phase synthesized from the low-sensitivity signal u-which, by carefully selecting k, will be essentially wrap-free-can be used to guide unwrapping of the phase synthesized from the highsensitivity signal U. First, an estimate of the high-sensitivity harmonic signalÛ syn is calculated aŝ
where T is a 3 3 3 estimation matrix defined by
In the current encoding scheme (Figure 1) , m x and m y are negligible. But the mandatory flow-compensation (FC) gradients in the z-axis encode some amount of motion into the low-sensitivity encoded phase u x and u y , resulting in large estimation errors if not corrected for. To address this problem, we set the amplitude of MEG 6z to be equal (i.e., k 3 51), but use the z-axis FC gradients to provide the lowmotion-sensitivity. In this way, the harmonic u x and u y can then be corrected by subtracting out u z . With negligible motion encoding from other imaging gradients except for the z-FC gradients, and k 1 5k 2 5k, the T can be presented as
Of note, because the FC gradient and MEGs have different temporal phase shifts relative to the initial of vibration, m z is also a complex number, and its angle represents its relative phase delay to MEGs.
From Equations 6 and 8, the estimate of the highsensitivity harmonicÛ syn from the low-sensitivity harmonic u can then be written asÛ
The harmonics are then projected back to the time domain, and the phase maps at each phase offset arê U syn; x;y;z ðtÞ5RefÛ syn;x;y;z Á e iÁ2pt=T g;
where T is the period of the external vibration. Finally, the high-sensitivity phase U at each phase offset can be unwrapped as (11) where Round represents the nearest integer function.
| MRE scans
All MRE scans were performed on a recently developed compact 3T scanner. This scanner has a 26-cm diameter spherical volume and a high-performance head gradient coil with maximum gradient amplitude of 80 mT/m and slew rate of 700 T/m/s simultaneously, which allows dedicated imaging of head and extremities. [30] [31] [32] [33] Mechanical vibrations at 60 Hz were introduced into the PVC phantom using a commercially available pneumatic active driver (Resoundant, Rochester, MN) and a custom-made rigid plastic passive driver as previously described. 34 The same active driver and a soft, pillow-like passive driver positioned under the subject's head were used to introducing 60 Hz vibrations in volunteer studies, with the main anterior-posterior (AP) excitation direction (Figure 2A ). 35 The resulting full-3D displacement vector field was acquired using a modified singleshot SE-EPI-MRE pulse sequence incorporating the dualsensitivity motion encoding scheme as shown in Figure 1 . Two MRE measurements with water-selective spatial-spectral (SPSP) excitation and fat-selective SPSP excitation were performed to acquire the brain (water-dominant signal) and skull (fat-dominant signal) displacements, respectively. MEGs were applied in the positive and negative x-, y-, and z-directions. As described above, the dual-sensitivity motion encoding was achieved by setting the amplitude of the negative x-and y-MEGs as 77.7% of the amplitude of positive xand y-MEGs, whereas the amplitude of the negative z-MEGs remained the same as that of the positive z-MEGs. Specifically, in this study, the amplitudes of the positive and negative x-and y-MEGs were set as 50 mT/m and 238.9 mT/m (k 5 0.777), respectively, resulting in a ratio of 8 between the high (6.16 lm/p-radian) and low motion encoding efficiency (49.3 lm/p-radian) in the x-and y-directions. The amplitudes
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of the positive and negative z-MEGs were set at 644.4 mT/ m to match the same high encoding efficiency (6.16 lm/ p-radian). The low motion encoding efficiency with the z-FC gradient was 85.2 lm/p-radian, leading to a ratio of 13.9 in the z-direction. This setting ensures no phase wrapping on the low motion encoded images when the displacement is below 49.3 lm, which is a typical limit for clinical head MRE scans. For phantom validation, a separate phantom scan was performed using a standard EPI-MRE sequence with low-sensitivity MEGs to acquire the phase images with no apparent wrapping. The motion encoding efficiency of this scan was set to be equal to the low motion encoding efficiency used in dual-sensitivity encoding. The unwrapped high sensitivity phase guided by this separately acquired phantom data scan was used as the reference standard. The mean squared error between the unwrapped high-sensitivity data using 2 different kinds of guidance (dual-saturation scan vs. separate low-MEG scan) was calculated to capture the accuracy of the guided phase unwrapping. The power setting for the active driver in the phantom experiment (3%) was set to produce a significant amount of phase wrapping in high-sensitivity phase images but no apparent phase wrapping in the low-sensitivity phase images. The power setting of the active driver in volunteer experiments was set to be 30%, the typical level used for clinical head MRE scans. The details of other sequence parameters include: TR/TE 5 4000/58.7 ms; FOV 5 24 cm; 80 3 80 image acquisition matrix reconstructed to 128 3 128; 48 contiguous 3-mm-thick axial slices; 2xASSET acceleration; 4 phase offsets sampled over 1 period of the 60 Hz motion; and acquisition time of 1:40 min for each MRE measurement.
| Data processing 2.4.1 | Phantom validation of phase estimation
The sequence performance was first tested in the phantom experiments. The high-and low-sensitivity phase images were calculated by phase subtraction and phase summation, respectively. The first harmonic time series u was calculated from low motion encoded phase to filter out the background noise. An estimate of the high-sensitivity harmonic signalÛ was then generated from u according to Equation 9 . Realvalued phase images were then synthesized from the acquired and synthesized harmonic signals, and the latter was used to guide unwrapping of the acquired highsensitivity signal using Equation 11.
| Skull and brain MRE phase estimation and displacement measurements
The full 3D skull and brain MRE data were generated by combining the dominant water and fat MRE data in the complex image domain using phase preserving complex combination as
where S w and S f are the complex images acquired from 2 acquisitions, respectively. The same phase estimation and guiding unwrapping procedure described above was performed. In 3 of 6 cases, a median filter was applied to remove the isolated pixels that failed to unwrap. The x-, y-, and z-motion displacements at each MRE phase offset were then calculated from the unwrapped MRE phase.
| Skull-brain ROI selection
Automatic segmentation was performed using the FSL brain extraction tool from the functional MRI of the brain (FMRIB) Software Library (London, UK) to segment the combined MRE magnitude data into scalp, skull, and brain. 36 A manual correction was then performed using a customized MATLAB program (The MathWorks, Natick, MA) to correct for the automatic segmentation errors in the skull mask by manually removing the non-skull regions. To assess the performance of combined skull and brain images, the empirical SNR of the skull signal was calculated based on skull masks overlaid onto the water-excited and combined water/ fat-excited images, respectively. 37 The brain mask was eroded by 1 voxel from all edges to avoid possible edgerelated errors. To study the skull-brain interactions at the skull-brain interface, the brain ROI for the motion analysis was selected as a 5.6 mm wide ring ($3 pixels, close to the skull mask thickness) immediately interior to the edge of the brain mask ( Figure 2E ). Fifteen superior slices above the region of the corpus callosum were chosen for the following analysis as these slices cover the maximal measurable skull volume and only the cerebrum.
| Skull and brain displacement analysis and comparison
MRE displacements from the brain and skull ROIs were fitted to a model of rigid-body motion to obtain rigid-body translation (T x , T y , and T z ) and rotation (u x , u y , and u z ).
25
The rigid-body fitting origin was defined as the center of mass of the brain for each volunteer. The harmonic vibrations in MRE with multiple phase offsets resulted in a set of complex translational and rotational coefficients. Several quantities were calculated to compare the skull and brain motion among 6 volunteers, including (1) the amplitude of translational and rotational motion of the skull and brain in the x-, y-, and z-directions respectively; (2) the ratios of brain to skull in the amplitude of translational and rotational motion in the x-, y-, and z-directions; (3) the 3D trajectory of translational motion of the skull and brain as well as their spatial angle (a) 25 ; (4) the temporal phase delay u T between the skull and brain translational motion, which was calculated as the weighted average over the x-, y-, and z-translational phase delays weighted by the amplitude of each translational component; and (5) the temporal phase delay u R between the skull and brain rotational motion calculated the same as the weighted average over the x-, y-, and z-rotational phase delays. In this study, x-, y-, and z-directions denote left-to-right (LR), anterior-to-posterior (AP), and superior-to-inferior (SI) directions, respectively.
| SII of skull/brain interface
The relative motion of skull and brain was also visualized by the newly developed SII technique, which can be used to detect the degree of adhesiveness between 2 adjacent tissue layers. This technique is based on MRE and the analysis was described previously. 23 The presence of a low-friction slip interface where large differential motion exists between the 2 sides of the interface can be visualized as low signal intensity on the resulting shear line image.
| RES U LTS
| Combined skull and brain MRE imaging
An example of a combined skull-plus-brain MRE image is shown in Figure 2 , including brain tissue signal-only (Figure Figure 2C ), and the combined skullplus-brain images ( Figure 2D ) from a volunteer. Note that the skull signal is barely visible in Figure 2B whereas it is clearly depicted in Figure 2C . The recombined image with a clear depiction of the skull and brain demonstrates the feasibility of this dual-saturation imaging approach. The overall empirical SNR of the skull increased from 4.3 6 2.4 (with fat-saturation) to 8.9 6 0.9 (with water-saturation) averaged over 6 volunteers.
2B), skull signal-only (
| Phantom validation of phase estimation
The performance of MRE phase estimation using the dualsensitivity motion encoding scheme was tested in the PVC phantom. The high-sensitivity phase U calculated from phase subtraction for 1 slice acquired with 8 phase offsets are shown in Figure 3A , where the phase is visibly wrapped both spatially over the volume and temporally across the 8 phase offsets. Standard unwrapping algorithms typically are not able to unwrap it correctly in the time domain. In Figure  3B , the synthesized phaseÛ syn estimated from the simultaneously acquired low-sensitivity phase data is wrap-free both temporally and spatially and can be used to guide unwrapping of U. The resulting unwrapped high-sensitivity phase images U uw are illustrated in Figure 3C . Figure 3D shows the reference images as the unwrapped highsensitivity phase guided by the separate low-MEG scans. There was no difference between Figures 3C and 3D ( i.e., the mean squared error is 0).
| Phase estimation in volunteer studies
With the placement of the brain MRE driver behind the head, the main vibration is AP leading to heavily wrapped phase from motion encoded in the AP direction for both the skull and brain. In this experiment, 4 phase offsets were acquired for each volunteer, and all the resulting phase images were significantly wrapped. The wrapped highsensitivity phase images for one of the slices are shown in Figure 4A . The synthesized phaseÛ syn estimated from the simultaneously acquired low-sensitivity phase data is shown in Figure 4B , and Figure 4C shows the unwrapped highsensitivity phase images U uw following the proposed unwrapping process that is guided byÛ syn . In Figure 4D , the large displacement of a single voxel ROI at the skull (white box in Figures 4A-4C ) was correctly recovered from the Figure 5 shows the amplitude of the rigid body translational and rotational motion of the skull and brain estimated from the MRE data for each volunteer. The MRE pillow driver positioned at the back of the head vibrated in the AP direction, resulting in a head pivoting about the neck (i.e., a nodding motion of the head including a combination of translational motion in the AP direction and rotation about the LR axis). As expected, the largest translational and rotational motions were measured for the AP and LR directions, respectively, for both the skull and brain, although variations were observed among the 6 volunteers, possibly because of the differences in positioning the MRE driver. The amplitude of the skull rigid body motion is larger than that of the brain for all translational and rotational components. We found that the amplitude of the translational motion from the skull to the brain was slightly reduced (Figure 5A ), whereas the amplitude of the rotational motion was greatly reduced (Figure 5B) . The mean ratios of brain amplitude to skull amplitude in the dominant components of translation (T AP ) and rotation (u LR ) were 92 6 5% and 59 6 7%, respectively ( Figure 5C ). The motion trajectories further demonstrated similar patterns of the skull and brain in translational motion. Given that the harmonic motion of the AP, LR, and SI components are not in phase, the 3D trajectories of skull and brain translational motion are represented as ellipses in Figure 6A , and the amplitudes are clearly similar and the normals to the elliptical trajectories of the skull and brain differ by very small spatial angles a ( Table 1 ). The temporal phase delays (u T and u R ) between the skull and brain motion for each volunteer are shown in Figure 6B and listed in Table 1 . A short temporal phase delay u T between the skull and brain translational motion was measured (0.04 6 0.02 rad). In contrast, the phase delay u R between the skull and brain rotational motion was much longer (0.68 6 0.14 rad) than that of the translational component. Figure 7 shows SII results of 2 representative slices from all 6 volunteers, which qualitatively visualize the relative motion between the skull and brain. In shear line images, low-intensity lines indicate a relatively slippery interface where large differential motion exists between the 2 sides of the interface. As shown in all volunteers, a clear dark line was observed along the scalp-skull interface (yellow arrows), indicating a complete slip interface between the 
| Skull and brain displacement comparison
| SII of skull-brain interface
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scalp and the skull. In volunteers 3-5, there is a loss of signal throughout much of the subcutaneous tissue. This may be partly because of the thicker scalp tissue (predominately fatty) in which slip is apparently occurring throughout the subcutaneous region and partly because of the higher wave amplitude in the scalp tissue that creates large intravoxel phase dispersion. In contrast, fainter dark lines were only partly observed along the skull-brain interface (green arrows), indicating less differential motion between the skull and adjacent brain compared to the scalp-skull interface. We also found that the skull-brain slip interface is spatially heterogeneous, both within the individual volunteer and across the 6 volunteers.
| DI S CU S S IO N
We have developed a dual-saturation, dual-sensitivity motion encoding MRE imaging technique and demonstrated it as an effective tool for measuring 3D in vivo skull and brain motion during small-scale dynamic head vibrations. We estimated the full head motion and measured the skull and brain displacement on a voxel basis. The amplitude and temporal phase delay of the rigid body motion between the skull and brain was compared and the skull-brain slip interface was visualized by SII to assess the relative skull-brain motion. A comparison of the brain motion relative to the skull in vivo clearly demonstrated that the skull-brain interface both attenuates and delays motion transmission into the brain and hence expands our understanding of the skull-brain coupling mechanisms.
The skull is almost always represented as a signal void on the standard MRE-EPI image that uses on-resonance water excitation and fat suppression. By using a watersuppressed acquisition, the middle layer of the skull (i.e., the medullary cavity filled with fatty marrow) has adequate signal to be analyzed and used to track skull motion. As there will be some water-based signal within the medullary cavity, the dominantly fat and dominantly water images should be combined by phase preserving complex multiplication rather than direct summation, to give a more accurate characterization of the combined signal.
By using the proposed dual-sensitivity motion encoded acquisition strategy and guided phase unwrapping procedure, Magnetic Resonance in Medicine wrap-free estimates of both skull and brain phase signals were successfully generated even when only 4 MRE phase offsets were acquired, a scenario where conventional phase unwrapping algorithms often fail. For example, in our study in Figure 4 , there are 3 2p-phase wraps between the last 2 temporal phases; unwrapping this in the time domain is mathematically undetermined without prior knowledge. Our technique was able to solve this problem by providing such prior knowledge (i.e., temporally and spatially wrap-free low-sensitivity phase data), therefore the true phase can be estimated. In the current scheme, the low-sensitivity motion in the z-direction was actually encoded by the FC gradient rather than by derating the z-MEGs. Consequently, the ratio of the high to low-sensitivity in z-direction varies depending on the slice thickness and the MEG frequency chosen. The encoding ratio used in this study was 13.9 in the z-direction, slightly larger than the ratios in the x-and y-directions (8.0). However, this unbalanced ratio did not have a significant practical effect on the performance of either skull or brain phase estimation. It should be noted that some of the phase maps generated with the proposed approach show discontinuities in certain scalp regions. This is because the dualsensitivity encoding efficiency was optimized for the skull and brain, targeting generation of low-sensitivity phase images with no apparent wrapping. On occasion, scalp motion was so large that the phase signal in this area was still wrapped even when the low-sensitivity motion encoding was used.
The idea of unwrapping the phase-aliased data by referring to non-aliased data has been proposed in other F IGUR E 7 Slip interface imaging (SII) results of 6 volunteers. Two representative slices are shown for each volunteer. The low-intensity lines in shear line images (right column) at the scalp-skull interface (yellow arrows) and skull-brain interface (green arrows) indicate a relatively slippery interface where large differential motion exists between the 2 sides of the interface. The loss of signal in scalp tissue in volunteers 3-5 may be partly because of apparent slip occurring throughout the subcutaneous fatty tissue, which is often observed in subjects with thicker scalp tissue, and partly because of large intravoxel phase dispersion induced by the higher wave amplitude in the scalp tissue
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applications. For example, multiple MRI studies have used dual velocity encoding (VENC) to unwrap the phase data in phase contrast MRI. [38] [39] [40] The MRE studies by Badachhape et al. 25, 26 also used MRE data acquired at lower MEGs as a template to check the unwrapped solution for the waveform at higher MEGs. However, these approaches typically require consecutive scans to acquire the low and high phase data that will double the scan time. The dual-sensitivity motion encoding scheme proposed in this study simultaneously acquires high-and low-sensitivity phase images in 1 MRE exam, enabling a robust phase estimate while maintaining the same scan time.
In this work, the subjects experienced vertically directed (AP) extracranial vibrations from the MRE driver at 60 Hz. The pattern of the relative brain motion with respect to the skull was first studied in terms of rigid-body translation and rotation. Our results show that the motion amplitude was attenuated by the transmission from the skull to the brain, and brain motion lags behind the motion of the skull. However, different patterns exist in rotation and translation. The translational motion of the brain was slightly smaller in amplitude and slightly lagged behind the skull (0.04 rad). However, the rotation of the brain was considerably different from that of the skull with much lower motion amplitude and longer temporal phase delay (0.68 rad). This may indicate that the skull-brain interface system (consisting of cerebrospinal fluid, arachnoid trabeculae, and subarachnoid vasculature located between the arachnoid and pia mater membranes) acts differently when transmitting translational and rotational motion. It may significantly attenuate and delay the rotational motion that is potentially more harmful in regard to brain injury. 41 Of note, this observation was found under a small dynamic vibration that resulted in motion amplitude in the range of tens of microns, and brain ROIs were selected as thin rings immediately adjacent to the skull. This finding is not completely consistent with the MRE studies by Badachhape et al. 25, 26 in which the excitation frequency is 50 Hz, and the skull motion was indirectly reconstructed from the acceleration data that was acquired from an array of accelerometers fixed to the skull via a mouth guard. Their study found that both translation and rotation of the brain were largely different from the skull. The discrepancies may be because of the different frequency of excitation (50 Hz vs. 60 Hz) and different approaches to measuring the skull motion. As expected, motion amplitude and phase delays vary among individual subjects, which may be partly because of the different coupling between the subject's head and the driver, the anatomic differences in the skull and brain for each individual, as well as the effect of subcutaneous tissue. Such variation can be visualized in the SII results. The SII technique was originally developed to detect tumor adherence based on differences between the tumor and adjacent brain motion under applied MRE vibrations. 23, 29 Here, its application was extended to assess the "adhesiveness" of the skull-brain interface (i.e., to assess the differential motion between the skull and adjacent brain). The larger the amount of relative motion, the more intravoxel phase dispersion is induced, and hence more signal attenuation is detected at the interface. Interestingly, we found that under our experimental loadings, the slip interface between the skull and brain does not appear to be completely evident, and the slip pattern is spatially heterogeneous. This suggests that different areas of the interface may be mechanically different. An animal study using optical coherence tomography to characterize the microstructure of the pia-arachnoid complex has demonstrated the within-brain variability of the arachnoid trabeculae and subarachnoid vasculature. 8 Although we applied the same vibration frequency and tried to deliver the same amplitude of motion to each patient, the differences in positioning the MRE head driver could introduce variations among different subjects, which may affect our assessment of the slip interface. Further studies will work on developing an advanced SII normalization method to quantify the amount of slip. Although the MRE study by Badachhape et al. 26 has explored the usefulness of scalp motion to estimate the skull motion, we have observed there appears to exist a complete slip interface between the scalp and skull, suggesting that the scalp and skull move independently for the motion induced with the experiment. As a result, we believe that the scalp motion may not be an accurate surrogate measure of skull motion. This study represents the first application of the proposed MRE data acquisition and processing technologies, and there are several limitations. First, the dominant water and fat images were acquired in serial but separate scans. In the cases of patient head movement between the 2 scans, there could be uncorrected misregistration errors. B 0 field inhomogeneity because of patient-based susceptibility effects or suboptimal pre-scan gradient shimming could result in incomplete water or fat saturation when using suppression pulses. Improvements in pulse sequence programming, including simultaneous fat and water imaging using a multiecho acquisition with Dixon-type post-processing, may address these issues in the future. Second, the dualsensitivity motion encoding scheme as currently implemented may not be applicable for some advanced MRE encoding approaches requiring simultaneous x-, y-, and zmotion encoding. However, the proposed framework could be generalized for such scenarios with relatively minor mathematical modification. Third, the sample size in this study is limited. A larger number of volunteer and patient studies with a wide range of age and gender distribution and TBI history would need to be evaluated to determine if the motion patterns observed in this study are representative and | 2583 Magnetic Resonance in Medicine if the changes of these patterns are associated with prior and/ or repetitive head trauma. Fourth, the results measured in this study may be limited to the single vibration direction (AP) and the single frequency (60 Hz) applied. It is expected that the skull-brain coupling will be sensitive to the vibrational direction and frequency. 42, 43 Future MRE studies that use multi-excitation drivers vibrating the head in different directions and frequencies may help to further elucidate the mechanisms of skull-brain coupling. Although this in vivo study does not assess the tissue stresses and strains at levels that are linked to trauma, it characterizes the relative skull-to-brain motion in the small strain regime, which may be closely affected by the substructure at the skull-brain interface. This study provides a framework for acquiring accurate and repeatable skull and brain displacement data using MRE that can be used to characterize the skull-brain coupling system for a better understanding of mechanical brain protection mechanisms, which has great potential to facilitate risk management for future injury, In addition, studying the relative skull and brain motion could provide biofidelity targets for TBI modeling development, validation, and improvement.
